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ABSTRACT. Advanced computational techniques offer a new array of capabilities in the
healthcare provision for cerebral aneurysms. In this paper information is provided on
specific simulation methodologies that address some of the unanswered questions
about intracranial aneurysm and their treatment. These include the evaluation of
rupture risk, the thrombogenic characteristics of specific lesions and the efficacy
assessment of particular interventional techniques and devices (e.g. endovascular coil
embolisation and flow diversion using stents). The issues connected with ease-of-use
and interactivity of computed simulations is discussed, and it is concluded, that the
potential of these techniques to optimise planning of complex and multifaceted
interventions is very significant, in spite of the fact that most of the methodologies
described are still being developed and perfected.
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As a result of increasing numbers of diagnostic brain
scans, more intracranial aneurysms are being inciden-
tally detected. Their diagnosis and the potentially dire
consequences of rupture create a dilemma for patients
and doctors, a dilemma centred on the risk of aneurysms
growing or bleeding and amplified by the availability of
minimally invasive endovascular treatments. Estimates
of the incidence of aneurysmal subarachnoid haemor-
rhage range from 9 to 20 per 100 000 [1], considerably
lower than aneurysm prevalence (3.6% at autopsy, 6.0%
via angiography [2]). Thus, the majority of aneurysms do
not rupture, a consistent finding in observation studies
[3, 4]. For the individual diagnosed with an unruptured
aneurysm the uncertainty remains and, despite the
statistical reassurance, substantial numbers request
prophylactic (and potentially unnecessary) surgical clip-
ping or coiling.
Computational studies are now being applied to this
problem in order to understand the mechanisms that
cause aneurysm formation, growth and rupture. There
have been many previous attempts to explain why the
particular arteries forming the circle of Willis are liable to
develop aneurysms and it is generally agreed that
anatomical, genetic, haemodynamic and pathological
factors are involved [5]. Understanding their relative
contributions and applying this knowledge to the
individual seeking advice after diagnosis can be con-
sidered a mechanical as well as a biological challenge.
Patient-specific computational simulations offer a solu-
tion to evaluate the risk of rupture objectively and are
equally pertinent to treatment planning and follow-up
assessments.
Aneurysm rupture occurs when stress exceeds the
strength of the wall tissue. Accurate mechanical models,
which can predict the stress distributions in an aneur-
ysm, have the potential to assist diagnostic decisions [6].
However, the micro-structure, material properties, thick-
ness and the strength of the aneurysm tissue are difficult
to determine non-invasively. Consequently, there is
uncertainty in the advantages of using a stress-based
criterion for rupture; statistical trials are required to see if
they are more effective than criterions based on size or
growth rates. To develop improved mechanical models
of the tissue structure, data is needed from histological
studies in order to understand how it evolves.
Computational models that simulate the adaptive
growth and modelling of the tissue and evolution of an
aneurysm may yield insight into the aetiology of the
disease and may ultimately be able to predict an
aneurysm’s evolution/rupture. It is important to note
that the cells that remodel the tissue are influenced by
local mechanical stimuli, e.g. cyclic stretching and wall
shear stress due to the blood flow [7, 8]. To predict
aneurysm evolution, it is necessary to develop sophisti-
cated computational models that can model the fluid
dynamics within the aneurysm, the mechanical proper-
ties of the tissue and the functionality of the cells within
the arterial wall [9]. To this aim, conceptual models of
aneurysm growth are being developed, e.g. where elastin
degradation is linked to the local haemodynamics and
collagen synthesis is linked to local stretching of the
fibroblast cells [10, 11]. These provide the basis for more
realistic models of aneurysmal disease, and will ulti-
mately be extended to physiological geometries.
Once the need to intervene has been established,
computational simulation techniques are proving cap-
able of evaluating the efficacy of treatment. For example,
Jou et al [12] studied the haemodynamics within a
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fusiform basilar artery aneurysm, before and after the
simulated occlusion of one vertebral artery, and Hassan
et al [13] used computational fluid dynamics (CFD)
techniques to simulate the haemodynamic effects of
parent vessel occlusion for the treatment of a giant
vertebro-basilar aneurysm. In terms of the coil embolisa-
tion method, Groden et al [14] simulated the coiling of an
idealised geometric model, in which the coils were
represented by blocked cells in the aneurysm lumen
mesh. Byun and Rhee [15] reported similar calculations
for artificially constructed models focusing on different
parent vessel geometries and coil placement, assuming
coils to be a sphere of blocked cells.
As an adjunct to coiling, it is now becoming common
practice to promote endovascular occlusion of aneur-
ysms by means of stenting. Aenis et al [16] and Stuhne
and Steinman [17] both explored the haemodynamics in
basic three-dimensional (3D) models of stented basilar
side-wall aneurysms using CFD and finite element (FE)-
based CFD, respectively. Cebral and Lohner [18] took
this one step further by running CFD simulations
implementing an adaptive embedded mesh technique
to patient-specific geometries and used virtual deploy-
ment of coils and stents. Similar conclusions are drawn
in all three studies: the presence of a stent demonstrates a
reduction in flow velocities into the aneurysm sac.
Radaelli et al [19] presented similar haemodynamic
simulation results for anatomically accurate stented
aneurysms calculated independently by six international
groups. Aneurysmal velocity magnitude and wall shear
stress results illustrated the reproducibility of flow
simulations and hence the increasing ability of current
haemodynamic modelling technology to consistently
quantify the performance of commercial intracranial
stent implants in general.
Computational simulation techniques also offer a
wider range of possibilities to simulate phenomena and
mechanisms of interventions, and, in particular, the
exploitation of thrombosis to stop blood flow into the
aneurysm lumen. In the long term, the type of thrombus
initiated through intervention may be of considerable
importance. In vivo there are numerous damage mechan-
isms which may lead to thrombus formation [20, 21].
Tissue factor and collagen are considered two key
players at initiation: expression of either of these proteins
leads to platelet activation, which has proven necessary
for a platelet to become stably adhered to the growing
thrombus [22]. Tissue factor also initiates thrombin
generation through the coagulation cascade, which
amplifies its own production, activates platelets and
leads to fibrin generation.
The understanding of the coagulation cascade has
been enhanced by the extraction of rate parameters for
individual reaction pathways: the computational work of
Hockin et al [23] and, more recently, Panteleev et al [24]
is particularly notable for the detail incorporated. When
additionally accounting for the effect of convection, the
complexity of the coagulation cascade necessitates
innovative modelling approaches. Fogelson and Tania
[25] utilised mass transport terms to account for the
influence of flow upon the reaction pathway, whereas
Guy et al [26] utilised methods traditionally employed to
describe the gelation of polymers to investigate the
limiting size of a fibrin gel in a shear flow. There is
considerable value in investigating individual compo-
nents of the thrombus, and in order to capture
macroscopic detail (e.g. thrombus morphology) it is
necessary to capture processes occurring on disparate
scales. This review will present salient features of
recently developed computational techniques that
address these challenges.
Methods and materials
The common theme underlying the techniques pre-
sented in this paper is the transformation of the problems
in question into a mathematical form and the efficient
solution of the pertinent equations through techniques of
computer simulation.
Growth and remodelling
A prerequisite to modelling the evolution of an
aneurysm is to accurately model the healthy artery. In
recent years, sophisticated theoretical models of arteries
have been developed that model the mechanical
response of each layer of the artery, the individual
constituents, i.e. the elastin and collagen, and their
structural arrangement [27]. Watton et al [28] adapted
this constitutive model to introduce micro-structural
aspects of the tissue so that the degradation of elastin
and growth and remodelling of the collagen fabric could
be simulated to model aneurysm progression. Evolution
of clinically measurable parameters was consistent with
experimental studies for a growth model of abdominal
aortic aneurysms [29]. We follow this approach to
simulate the evolution of saccular cerebral aneurysms
of the internal carotid artery. Moreover, we combine the
structural model of the artery with a haemodynamic
analysis so that the growth and remodelling of the tissue
can be explicitly linked to the haemodynamic environ-
ment [10].
The internal carotid artery is modelled as a cylind-
rical membrane subject to physiological stretches, i.e. an
axial pre-stretch of 1.3 and circumferential stretch of
1.25 at systolic pressure (16 kPa); the systolic radius is
2 mm and the length is 16 mm. The elastinous
constituents are initially assumed to bear 80% of the
load of the arterial wall at systole. Initially, the
geometry of the model of the artery is cylindrical.
Consequently, the initial wall shear stress (WSS)
distribution that acts on the luminal layer of the artery
is constant. To achieve an altered haemodynamic
environment, i.e. altered spatial WSS distribution, a
small out-pouching of the arterial domain is created.
The change to the geometry of the domain alters the
spatial distribution of the WSS that acts on the
endothelial lining. This allows us to explore hypotheses
linking subsequent growth and evolution of the
aneurysm to haemodynamic stimuli experienced by
the endothelial cells. A pressure correction, finite
volume solver for the haemodynamics CFX (ANSYS,
Canonsburg PA) was coupled with an in-house finite
element solver for the vascular wall dynamics, together
with appropriate routines for the domain deformation,
stimulus propagation and remeshing.
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Interventional modelling
This section first describes the steps undertaken to
capture the flow diversion induced by the insertion of
stents across the aneurysm neck and, subsequently,
presents the method used to capture the insertion of
coils within the aneurysm lumen.
All simulations were performed in CFD-ACE+ (ESI
Group, Paris, France), which utilises a finite volume
solver. A finite volume mesh is generated by dividing
the region of interest into a number of control volumes
(cells); the average value within each cell is stored at the
cell centre and interpolation is used to describe varia-
tions away from the centroid. This enables the solution of
the governing Navier–Stokes equations within arbitrarily
complex geometries. The resulting mesh consists of a set
of non-overlapping polyhedra that cover the entire
region of interest. Complex geometries have traditionally
been captured by utilising tetrahedron-only meshes; in
this study, a different approach is taken, using an
adaptive unstructured cartesian mesh generated using
CFD-VisCART (ESI Group, Paris, France). In brief, the
bulk volume is discretised with structured hexahedral
elements. Near to the boundary, consisting of the
aneurysm wall and stent struts, the mesh is refined by
splitting the hexahedral elements to form deformed
polyhedral cells that fit the desired volume of interest.
A principal advantage of this method is that it
minimises the level of user interaction required in order
to generate a mesh, potentially opening the door for
incorporating flow analysis as a routine component of
interventional planning. The geometric data made
available for mesh generation are usually a collection of
parts coming from various sources, e.g. geometry
restructuring from MRI images and designed stent
geometry. The full assembly typically includes a number
of overlapping surfaces and unintended gaps. Even for
the parts that are properly mated together, the mating
surfaces have dissimilar surface discretisations; conven-
tional mesh generators require a watertight surface
mesh, with perfect node-to-node matching of the
triangles that constitute the surface of the mating parts.
Therefore, a significant amount of effort is required to
transform (clean) the raw geometry data into a fully
‘‘connected’’ and closed set of surfaces.
In order to avoid geometry cleaning, the interior
volume grid is generated first and then it is connected
with the boundary. A schematic of this grid generation
technique is shown in Figure 1 [30].
First the interior cartesian grid is generated, then the
boundary is connected through projections. The connec-
tion of the interior grid to the boundary can be based on
the minimum distance direction. In order to generate the
volume grid, the user is requested to define a maximum
and a minimum cell size. The only requirement that the
set of geometric entities must satisfy is that the compu-
tational domain formed with the entities is ‘‘physically’’
closed if gaps or holes smaller than minimum cell size
are ignored. Note that this enclosure condition is much
weaker than the condition of ‘‘watertightness’’ required
by traditional approaches. Obviously, if all the gaps
between the line segments in Figure 1 are smaller than
the minimum cell size, the set of line segments actually
defines a valid computational domain.
Although the mesh generation technique described
above is suitable for capturing the incorporation of a
stent, for modelling aneurysms treated by endosaccular
packing with coils, the computational requirements for
directly resolving the entire length of the coil are still
prohibitive. Therefore, alternative, indirect techniques
are necessary. This paper presents novel computational
methodologies for patient-specific modelling of endo-
vascular coil embolisation, describing the haemody-
namic behaviour of the combined vasculature–catheter
system during the stages of coil introduction to an
aneurysm sac. The anatomically accurate vasculature
geometry is reconstructed by employing 3D rotational
angiography data sets, and we model the coiled part of
the aneurysm as a porous medium of decreasing
porosity as coils are deployed. Hence, the aneurysm
lumen is split in a pure fluid (blood) region correspond-
ing to the coil-free part and a porous one corresponding
to the actually coiled aneurysmal volume [31]. For the
pure fluid region, the haemodynamics is described by
the classical Navier–Stokes equations. For the porous
part, these can be recast to also include the porosity and
permeability of the porous medium and the drag factor
across the porous flow. The porosity represents the
volume occupied by the pores to the total volume of the
system and is a function of the occluded aneurysm
volume. The permeability is a measure of the fluid
conductivity through the porous medium, representing
the surface area to volume ratio of the porous matrix.
Here, it is considered to be given by Kozeny’s theory [32]
and the calculations are based on the characteristics of
the actual coils used in the intervention.
The porosity-based modelling offers consistency and
grid independence benefits when compared with meth-
odologies that describe the coils, either via blocked cells
or through full resolution of the near-coil environment.
Although the latter is an accurate and consistent
Figure 1. The automated VisCART grid generation techni-
que; the first step involves the formation of a luminal grid,
which is subsequently projected to the boundary.
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approach, which has been used with success in model-
ling of open stents, the resolution requirements for
capturing the significantly longer coil lengths render this
approach prohibitively expensive. Such approaches
converge to grid-independent solutions only when the
fluid dynamics around the actual wire cross-section is
resolved, which is impossible computationally for fully
coiled aneurysms. The porosity approach, being of a
statistically distributed nature, eliminates the uncertainty
introduced by the level of local grid refinement around
individual coils, and is, therefore, computationally
efficient and self-consistent, as it can lead to grid-
independent solutions.
Multiphysics modelling: thrombosis
In the work presented here, we discount the biochem-
ical pathway and present an investigation of the effect of
shear stress on thrombus morphology. The thrombus is
modelled as a porous medium (with properties derived
from Diamond [33]) and its growth across the domain is
tracked through level sets. The level set method encodes
the position of the thrombus surface in a signed distance
function. The signed distance function is sampled upon a
uniform grid, the value at each point being the euclidean
distance to the surface with the caveat that it takes on a
negative sign when a grid point is inside the thrombus
and a positive sign when external to the thrombus.
Platelet deposition can be accounted for by propagating
the interface under a normal velocity field (Vnormal); this
is achieved by solving a partial differential equation:
Lw
Lt
~Vnormal +wj j ð1Þ
Porous-level set coupling is achieved by stipulating
that the porosity field (e) is a function of the signed
distance (w) to the interface. The region exterior to the
thrombus (w . 0) is pure fluid (e 5 1) while within the
thrombus (w , 0) e 5 0.75 (as dictated by Diamond [33]).
If the porosity field was set as above, a binary function of
the signed distance, then the position of the interface
would be grid dependent. In this work, the transition
from pure fluid to thrombus is smeared across three
computational cells, which ensures that the iso-surface of
e 5 0.875 lies on the thrombus surface (zero-level set).
The rate at which a thrombus forms in vivo is a
complex function of the underlying biochemistry, cell
signalling and flow conditions. In order to demonstrate
the capability of this framework, we focus upon the
modulation of thrombus growth through shear stress
alone. In order to investigate the efficacy of considering
shear stress alone, it will be necessary to compare in silico
simulations with in vivo data. In the absence of experi-
mental data, we postulate three scenarios (Table 1).
As the velocity is applicable only at the interface in order
to maintain the signed distance property, it is necessary to
extend the velocity off the interface. The signed distance
function is sampled on a uniform, structured grid, whereas
the flowmesh consists of unstructuredpolyhedral elements.
The interface velocity calculated into the flow domain is
interpolated onto the structured level-set grid, while the
signed distance is interpolated onto the flow mesh.
Results
Computational simulation results are in need of
validation and self-consistency checks. Although, owing
to space considerations, this will not be expanded,
however, it must be mentioned, that for the latter,
detailed discretisation-dependence tests have been con-
ducted for all the studies presented; the results shown
are invariably obtained using levels of mesh refinement
that ensure grid independence. Depending on the
problem, this sometimes implies using grids of tens of
millions of elements, as shall be discussed in the sequel.
For the former, several comparisons with in vitro or in
vivo results have been conducted; for example, a recent
validation test was conducted that involved detailed
laser velocimetry for anatomically accurate aneurysm
haemodynamics [34].
Growth and remodelling
In this example, we explicitly link degeneration of
elastin to deviations ofWSS from homeostatic value. If the
maximum value ofWSS during the cardiac cycle is greater
or equal to 2 Pa, no elastin degradation occurs, but if the
WSS is lower than 0.5 Pa maximum degeneration occurs,
i.e. 75% of the elastinous constituents at a particular spatial
position in the tissue degrade per year. For WSS
magnitudes between 0.5 Pa and 2 Pa, the amount of
elastin degraded per year ranges linearly between 75%
per year and 0% per year. Additionally, in this simulation
we confine elastin degradation to occur only in a localised
region where the initial out-pouching forms, otherwise
the aneurysms continue to enlarge axially along the
arterial domain rather than giving rise to well-defined
saccular geometries [11]. Figure 2 illustrates the spatial
distributions of the elastin concentration and the WSS
distributions that act on the endothelial layer of the
aneurysm as it evolves. Figure 3 illustrates the evolution
of the elastin and collagen strains. Notice that the elastin
strains increase significantly, whereas the collagen strains
increase negligibly. As the aneurysm enlarges, the
continual process of fibre deposition and degradation
[35] remodels the natural reference configuration in which
collagen fibres are recruited to load bearing, hence the
stretch of the collagen fabric is restored to an equilibrium
level. Finally, Figure 4 illustrates the evolution of the
collagen fibre concentration. The model simulates fibro-
blasts increasing the collagen content in the arterial wall to
compensate for the loss of load bearing owing to the
degradation of the elastinous constituents. This enables
the aneurysm to stabilise in size.
Table 1. Thrombus surface normal velocity for three
scenarios
Case I Vnormal~4:0|10
{7 ms21
Case II Vnormal~4:0|10
{7:t ms21
Case III Vnormal~4:0|10
{7:t{1 ms21
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Interventional modelling
The case study outlined in the Virtual Intracranial
Stenting Challenge (VISC) 2007 [19] is reproduced to
demonstrate the potential of CFD-VisCART to model 3D
anatomical models of unstented and stented aneurysms.
The stereolithographic format files (stl) of the side-wall
aneursym and three types of stents geometries used, as
well as the flow boundary conditions, are all previously
reported in the VISC challenge, and so shall not be
discussed further in this article.
In-house comparisons were made between CFD-
VisCART and an unstructured tetrahedral mesh gener-
ated in ICEM (ANSYS ICEM CFD, ANSYS). Qualitatively
ICEM gives the user more flexibility, but this results in
greater demands for user interaction and hence training;
grid generation with VisCART requires less user input.
Between the two meshing techniques, the global results
were quantitatively similar at the same mesh densities
(data not shown). In this work we present results for the
unstented and stented aneurysm, with meshes generated
in VisCART. Figure 5 depicts the inflow region by means
of an isovelocity surface (v50.1 m s –1) for the unstented
model as well as for the aneurysm stented with stent 3
[19]; the benefits of the stent are demonstrated by the
clear reduction in the inflow jet when the aneurysm is
stented. When evaluating the WSS distribution on the
wall of the aneurysms, as shown in Figure 6, the
computational modelling also demonstrates the reduc-
tion in WSS around the neck of the aneurysm due to
stent deployment. In particular, the area of high WSS in
the dome of the aneurysm (WSS51.5 Pa contour plot in
Figure 6) is significantly reduced when the stent is
deployed.
Figure 2. Computational model of development of a saccular cerebral aneurysm that stabilises in size. The evolution of the
elastin concentration (a) and the wall shear stress distribution (b) for t 5 0, 3, 6, 9 and 12 years. Note that in this example all
the elastin degrades within the aneurysm dome; also note that there is an asymmetry in the progression of the degradation
owing to the asymmetry in the wall shear stress distribution, i.e. it has a greater value at the distal region of the dome.
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When evaluating the velocity magnitude contour plot
across the neck of the aneurysm, as seen in Figure 7,
there is not only a reduction in velocity for all three
stents, but also a distinct difference between each stent
design, and hence we can now confidently predict the
flow reductions induced by different stents in a clinically
meaningful framework.
Next, we present results from the haemodynamic
modelling of the coil embolisation of a ruptured anterior
communicating artery aneurysm, with a large sac of
dimensions 11 6 9.4 6 7.8 mm, and a neck of 5.2 mm,
using the porosity approach. Figure 8 compares velocity
magnitude contours of the pre-treatment conditions with
those developed after the deployment of the first coil
(3.6% packing by volume and porosity 0.964) and after
the completion of the procedure, which occurs with the
deployment of 15 coils (26.5% packing by volume and
porosity 0.735). The assumptions made are non-compli-
ant walls, newtonian behaviour for the blood, with
constant viscosity and steady flow. Coiling has a
significant effect, even from the very first coil, by
changing the velocity profiles, and the gradual introduc-
tion of coils inside the aneurysm sac results in a rapid
decrease of the velocity up to stagnation, thus providing
an ideal haemodynamic environment for thrombus
formation. Blood flow is observed at the aneurysm
lumen through the coil–mesh interface, even after
completing the coiling, which may be a factor in later
coil compaction and aneurysm recanalisation that is
frequently seen in such wide-necked aneurysms. This is
Figure 3. Evolution of the elastin strains (a) and collagen fibre strains (b) for t50, 3, 6, 9 and 12 years. Note that the elastin
strains increase significantly (up to 10) because of the large deformations of the artery; however, the collagen strains barely
increase, i.e. remain around the equilibrium value of 0.073. This is a consequence of the natural process of fibre deposition and
degradation, which is captured by the computational framework, to simulate the remodelling of the collagen fabric.
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a realistic representation of the clinical situation, as the
coil–mesh is not acting as an absolute solid barrier between
the aneurysm lumen and the parent vessels, but rather
obstructs and gradually slows the intra-aneurysmal blood
circulation. Advanced techniques like these can also be
used to study further aspects of the coil embolisation
method, like the interaction of the system with the micro-
catheter. For instance, Figure 9 presents intra-aneurysmal
blood flow patterns (just before the deployment of the first
coil) coupled with the pressure exerted on the catheter for
a time instant along the cardiac cycle.
Thrombosis modelling
As the interface velocity is a function of shear stress, it
is difficult to directly compare the same time across the
different cases as outlined in Table 1. As an alternative,
we highlight the interesting features by choosing time-
points that correspond to similar average propagation
distances. For case I the growth is entirely dictated by the
initial geometry (see Figure 10a–c), it is interesting to
note that the thrombus grows into the daughter vessels
prior to full occlusion of the aneurysm lumen. This
finding is mirrored in Case 2: relative to growth within
the lumen the propagation into the daughter vessel
occurs quicker in this scenario. Stipulating that interface
velocity is proportional to shear stress sets in place a
feedback loop; in regions of high shear the clot grows
faster, causing the shear stress to increase and leading to
further acceleration of clot progression. In contrast, in
Case 3, in which thrombus growth is inhibited by regions
of high shear, the propagation of the thrombus into the
surrounding vasculature is inhibited.
The thrombus encapsulates many active biological
processes; by ignoring these we are assuming that mechan-
ical effects are the dominant driver of thrombus morphol-
ogy. In reality, the effect of shear stress upon cell–cell
interactions is a function of the biochemical state of the cells
and, therefore, of time. Post-interventional changes to clot
morphology are not uncommon; in this framework tem-
poral changescouldbe incorporatedonlyby stipulating that
the relationship between shear stress and interface velocity
Figure 4. Evolution of collagen fibre concentration. Note
that in this example all the elastin degrades within the
aneurysm dome; however, the aneurysm stabilises in size (no
change in geometry between t59 and t512) owing to the
collagen fibre concentration increasing to compensate for
the loss of elastin.
(a) (b)
Figure 5. Inlet flow for an unstented
(a) and stented (b) aneurysm: iso-
velocity surface v50.1 m s–1.
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(a) (b) (c) (d)
Figure 7. Velocity magnitude contours for unstented aneurysm (a), stent 1 (b), stent 2 (c) and stent 3 (d).
(a) (b) (c)
Figure 8. Velocity magnitude contours (m/s) for coil-free (a) and after the deployment of the first (b) and the fifteenth coil (c)
conditions.
Figure 9. Pressure on catheter and
flow patterns.
(a) (b)
Figure 6. Wall shear stress (WSS)
distribution across the wall of
unstented (a) and stented (b) aneur-
ysm. In both cases, white demarca-
tions demonstrates WSS51.5 Pa
threshold in the aneurysm dome.
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is also a function of time. To fully understand and optimise
clot growth within cerebral aneurysms, it will be necessary
to incorporate the competing balance of growth derived
from biological signalling and the inhibitory effect of
mechanical conditions upon the surface of the thrombus.
The future aims for this work are to include basic models of
the coagulation cascade and to couple clot growth to other
stimuli, such as thrombin and fibrin concentration.
Conclusions
This paper, has presented a collection of computa-
tional techniques aimed at demonstrating the capacity
that such tools exhibit in different areas of cerebral
aneurysm healthcare planning. We have shown that
wall-remodelling techniques can mimic the growth and
stabilisation/rupture of aneurysms, and can thus be
used as an evaluating tool for haemorrhagic risk.
Further, it has been shown that computational techni-
ques of this type can be used to evaluate the capacity of
endovascular devices (stents and coils) to treat specific
aneurysms. This class of technique can account for both
device and lesion variability and also for complex
biochemical processes such as thrombosis.
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